A variant of compression optical coherence elastography for mapping relative tissue stiffness is reported. Unlike conventionally discussed displacement-based (DB) elastorgaphy, in which the decrease in the cross-correlation is a negative factor causing errors in mapping displacement and strain fields, we propose to intentionally use the difference in the correlation stability (CS) for deformed tissue regions with different stiffness. We compare the parameter ranges (in terms of noise-to-signal ratio and strain) in which the conventional DBand CS-approaches are operable. It is shown that the CS approach has such advantages as significantly wider operability region in terms of strain and is more tolerant to noises. This is favorable for freehand implementation of this approach. Examples of simulated and real CS-based elastographic OCT images are given.
The problem of elasticity imaging in optical coherence tomography (OCT) has been attracting much attention since the end of 90ies [1] [2] [3] [4] [5] [6] [7] [8] [9] . However, the elastography regime is not yet realized in commercial OCT scanners, whereas in medical ultrasonics combined conventional scans and shear-elasticity imaging are already implemented in several platforms (e.g., Siemens, Hitachi, Ultrasonix [10] ). Although some ultrasonic systems use excitation of shear waves and measuring their velocities (e.g., Fibroscan and Supersonic scanners) [10] , mostly the elasticity imaging is based on special processing of conventional ultrasonic images. Since the first works on OCT-elastography [1] , similar processing of OCT images is often discussed to reconstruct displacements produced by additional compression/shearing of the tissue. Subsequent differentiation of the displacement field can be used to determine the elastic-strain field and thus to estimate the shear-modulus distribution [1, 2] .
Despite the apparent simplicity of the idea, the implementation of this approach faced significant difficulties and required highly controllable laboratory conditions in experimental demonstrations (e.g. [1, 2] ). Indeed, numerical differentiation is rather error-sensitive and therefore requires accurate reconstruction of the displacement field. To fulfill this requirement, the deformations should not be too small. Otherwise, the pixelized structure of OCT images does not ensure acceptable accuracy even with application of various super-resolution smoothing techniques [10, 11] . On the other hand, the tissue strains should not be too large, because distortions of the scatterer patterns in the deformed OCT images reduce the accuracy of the cross-correlation (i.e., produce "decorrelation noise" [11] ). Inevitable other noises in real images introduce additional complications. In what follows we show that the above-mentioned factors limit the acceptable upper strains to several percentages. This limitation significantly complicates realization of the most practically interesting freehand mode of elastography in OCT.
Here, we report an alternative variant of mapping the relative stiffness using comparison of OCT images obtained under different degrees of straining. We call this variant the correlation-stability (CS) approach, bearing in mind that stiffer regions experience smaller distortions and demonstrate higher cross-correlation (which was also mentioned for ultrasonic scans [12] ). After presenting numerical simulations and comparison with the conventional DB approach we give some in vivo examples of CS maps of the relative elasticity distributions obtained in freehand mode using a spectral-domain OCT scanner.
For the CS mapping, the reduction of cross-correlation between the images of the deformed tissue is an informative factor, rather than "decorrelation noise" reducing the mapping accuracy. There is a similarity with the nonlinear-acoustic approach to detection of cracks (see, e.g., [13] ), in which nonlinear distortions of the sounding field produced by increased nonlinearity of the defects are intentionally used as a signature of their presence. Basically the procedure of cross-correlation between images using a moving (usually rectangular) window m 1 × m 2 in size is similar to that used in refs. [1, 2] :
(1) where i = 1..m 1 , j = 1..m 2 , the window is moved by n pixels axially and k laterally, µ P,R are the mean values in m 1 ×m 2 areas on images P and R. For ideally coinciding areas C(0, 0) = 1 and tends to zero for uncorrelated ones. For real partially distorted and displaced areas, the position (n * , k * ) is found where the correlation reaches maximum C * and the field C
To give an example of the CS approach let us consider a simulated image of 400x200 pixels in size (typical of OCT images). The "scatterers" are formed by putting initially a random value in each pixel. Then Fourier filtering is applied to smooth the image and obtain inhomogeneities with correlation properties similar to that typical of real OCT images. Namely, the filtering has to ensure the same as in real OCT images level of correlation between non-overlapped correlation windows containing independent scatterers. This background correlation C bg is determined by the number q 1 × q 2 of independent scatterers within the correlation window (q 1,2 ≤ m 1,2 ). It can be shown [14] that C bg = (π/2) 1/2 /(q 1 q 2 ) 1/2 . In real OCT images, e.g., of a human skin, typically C bg ∼ 0.3 − 0.2 for window sizes m 1,2 ∼ 20 − 40 (similar windows were used in [2] ). Such values of C bg correspond to sizes of independent scatterers about several pixels, which was ensured for the simulated images.
The next step is simulation of strained-tissue images. In real experiments the surface of the OCT sensor acts as a rigid piston producing strain fields combining axial and lateral components. Here, for illustration we consider purely shear lateral deformation. This allows one to use a simple analytical solution even for inhomogeneous tissue containing a layer with a contrasting shear modulus µ 2 = b · µ, where µ = µ 1 = µ 3 is the modulus of the surrounding upper and lower layers, and b is the contrast. If the total sample thickness is l = l 1 + l 2 + l 3 , where l 2 is the contrasting-layer thickness (see Fig. 1a ) and the lateral displacement of the tissue surface is u 0 , then the lateral displacements u(z) inside the sample are
µ3l2 and the mean shear strain is ε = u 0 /l. The patterns of the scatterers in the sheared sample can be recalculated using Eqs. (2) . Continuous subpixel displacements can also be correctly found by using Eqs. (2) and applying forward and inverse Fourier transforms of the pattern in combination with the theorem about the Fourier spectrum of shifted functions. Figure 1a shows the initial and deformed patterns of simulated scatterers in which the contrasting-stiffness layer is not yet visible. An example of CS mapping of this layer is shown in Fig. 1b , where the stiffer layer is clearly seen due to increased correlation compared with the surrounding softer layers that experience stronger distortions. Finally, Fig. 1c shows the reconstructed displacements in a vertical slice using the conventional crosscorrelation approach (with parabolic smoothing of correlation peaks to obtain sub-pixel resolution). In Fig. 1c the stiffer layer looks as a butterfly-like deviation of the u(z) function (solid line) from the dashed line u m (z) corresponding to the mean shearing of the entire sample. Conventionally [1] , the so-found displacement field is supposed to be differentiated to obtain the strain field (dotted line shown in Fig. 1c in arbitrary units) , in which regions with smaller strains correspond to larger stiffness. Such a differentiation is known to introduce additional errors (even if there are no other noises than the deformation-produced "decorrelation noise" [11] ). In Fig. 1c the differentiated dotted line even after averaging over all vertical cuts demonstrates pronounced irregularities which are exclusively due to strain-produced distortions of the scatterer pattern. Hereafter, all distortions of the image unrelated to the stress-produced deformation of the scatterer pattern we call noise. Now we compare the operability regions for the proposed CS mapping and conventional DB elasticity mapping in terms of strain and tolerance to additional noise. In our comparison we even adopt the form more favorable for the conventional approach, i.e., avoiding errorsensitive differentiation and bearing in mind that the displacement field itself can already allow one to detect the presence of stiffer regions (which is also mentioned in [1] ). Namely, we use the presence of the "butterfly" shown in Fig. 1c as a signature of the presence of the stiffer layer. The mean slope (see the dashed line in Fig. 1c) can be subtracted for clarity to obtain a horizontallyoriented "butterfly" as shown in Fig. 2a . The informative "butterfly" with amplitude A b can be masked by various irregularities characterized by the variance σ u due to the presence of noises and decorrelation distortions of the scatterer pattern in OCT images. As the threshold condition we adopt the often used in statistics "three-sigma criterion", i.e., A b ≥ 3σ u . The variance σ u of the irregularities is estimated for each given strain by gradually increasing the amplitude of the generated additional noise and then comparing σ u with A b . For the CS mapping, we make a similar comparison between the cross-correlation level C stif f for the stiffer layer and C sof t for the surrounding softer areas. These two lev- els of cross-correlation are characterized by their respective average values and the background cross-correlation variance σ bg corr (which is due to irregularities in the crosscorrelation coefficient that are always present even in the absence of the stiffer layer). For a given strain, we vary the noise level and again determine the threshold difference < C stif f − C sof t >= 3σ bg corr . The so-found curves delimiting the operability regions for the DB and CS mapping are shown in Fig. 2c . In agreement with other authors [3, 11] we found that the conventional DB mapping works for fairly small (below ∼ 10%) strains, whereas the CS mapping works in a much wider range of larger strains (∼ 20 − 150%), which is favorable for freehand operation. Besides, CS mapping is noticeably more tolerant to noises. For the demonstrations, we used a re- cently developed OCT spectral-domain scanner based on techniques described in [15, 16] . It acquires 480×289 pixel images with a rate of 21 fps, axial resolution 10 µm and lateral one 20 µm. The fiber-optic OCT probe is 2 mm in diameter and acts as a piston producing deformation of the tissue during freehand operation. The images are fed in a PC in real time and after filtering, amplitude normalization, and averaging of a few frames are crosscorrelated with a reference one. For in vivo examples we have chosen human cheek skin where hair roots serve as stiffer inclusions. The resulting CS maps are shown in Fig. 3 , where the stiffer regions are clearly seen. For these examples, the average strain created in the tissue by pressing the probe is about 20 − 50% in agreement with the above-found operability region for CS mapping. Thus the performed analysis and tests demonstrate that the rather straightforward CS approach can readily be implemented in sufficiently high-speed OCT scanners in freehand mode to obtain relative-stiffness maps similar to those used in medical ultrasonics [10] .
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